Abstract-This study investigates the use of pads with high dielectric constant (HDC) materials to alter electromagnetic field distributions in patients during magnetic resonance imaging (MRI). The study was performed with numerical simulations and phantom measurements. An initial proof-of-concept and validation was performed using a phantom at 64 MHz, showing increases of up to 10% in electromagnetic field when using distilled water as the high dielectric material. Additionally, numerical simulations with computational models of human anatomy were performed at 128 MHz. Results of these simulations using barium titanate (BaTiO 3 ) beads showed a 61% increase of |B + 1 | with a quadrature driven RF coil and a 64% increase with a dual-transmit array. The presence of the HDC material also allowed for a decrease of SAR up to twofold (e.g., peak 10 g-averaged SAR from 54 to 22 W/kg with a quadrature driven RF coil and from 27 to 22 W/kg with a dual-transmit array using CaTiO 3 powder at 128 MHz). The results of this study show that the use of HDC pads at 128 MHz for MRI spine applications could result in improved magnetic fields within the region of interest, while decreasing SAR outside the region.
I. INTRODUCTION
H IGH-FIELD (ࣙ1.5 T) magnetic resonance imaging (MRI) systems are widely used for clinical imaging. The most common radiofrequency (RF) transmit coils for body imaging used in 1.5 and 3 T MRI systems are birdcage body coils because of their relatively high magnetic field (B 1 ) homogeneity within the region of interest (RoI) for imaging compared to local transmit coils (e.g., surface coils). However, the cost of such improved high homogeneity could result in an increase of electromagnetic field exposure both within and outside the RoI, with possible negative effect both in terms of signal-to-noise ratio (SNR) as well as subject safety. For example, during a cervical, thoracic, and lumbar (CTL) spine imaging exam, high energy absorption may be observed in the shoulders. Excessive absorption of RF energy represents one of the concerns for subject safety in MRI, because it may cause excessive temperature increase in tissue and possible thermal injury.
Several methods have been proposed in the literature to improve B 1 homogeneity while decreasing the energy absorbed by the body and ensure patient safety [1] - [10] in line with international guidelines [11] . One of these methods is based on having multiple channels of transmit sources ("transmit array-TA") [1] , [2] . In a TA, the amplitude and phase for each channel can be varied which allows for the optimization of Electromagnetic (EM) fields. An alternative method used to alter EM fields in the imaging volume is based on the use of conductive or high dielectric constant (HDC) materials. For example, Doty et al. used a high conductive material (i.e., copper) to partially shield the electric field in a human body, resulting in a decreased energy absorption and reduced temperature variation [3] . Foo et al. have used HDC materials placed within the "coil-to-shield" space [5] to alter EM field. Yang et al. used HDC materials placed within the "coil-to-sample" space to decrease energy absorption while increasing SNR during head imaging at high field [6] - [8] . Luo et al. used HDC materials to improve SNR and receiver sensitivity at 3.0 T. Calcium titanate (CaTiO 3 ) powder and barium titanate (BaTiO 3 ) beads and powder were used in this study [10] . Others applications with HDC materials have also been presented for abdominal [12] and cardiac MRI [13] and [14] .
We have herein investigated the use of HDC materials on simulations validated against measurements in phantom at 64 MHz, as well as numerical simulations with an anatomically accurate human female model at 128 MHz. The example selected to illustrate this approach is for CTL-spine region, which is one of the most common clinical applications (approximately 25% of all MRI procedures) [16] . Additionally, this region is relatively superficial and is therefore expected to experience an effective alteration of EM fields with HDC materials.
II. THEORY

A. Effect of HDC Materials on Induced and Displacement Currents
To understand the effect of HDC materials, it is helpful to consider the separate contribution of conduction current densities (J c ) versus displacement current densities (J d ) to the total magnetic field, as described by Ampere's law [10] , [17] , [18] :
where B is the magnetic flux density (T), μ is the magnetic permeability (H/m), j = √ −1, ω is the angular frequency (rad/sec), σ is the conductivity (S/m), ε 0 = 8.854 × 10 −12 F/m is the electrical permittivity in free space, and ε r is the relative permittivity.
For high values of σ (e.g., σ = 5.8 × 10 7 S/m, equal to the conductivity of copper), J c becomes the primary source of magnetic field near the RF coil. Additionally, within a lossy sample the current J c results in energy dissipated as heat [10] . Conversely, J d is the secondary field source that supports the propagation of the electromagnetic field through a dielectric sample.
Without HDC materials the contribution of J c and J d to the total magnetic field at 128 MHz inside a human body is comparable. For example, the average values of σ and ε r in the brain at 128 MHz are 0.46 S/m and 63, respectively [19] - [21] , which gives a ratio J c / J d = 1.03. Conversely, the presence of HDC materials can lead to a significant increase of J d near the HDC materials because of high ε r (e.g., 515 in BaTiO 3 beads at 123 MHz [10] ). This results in significant changes of EM fields, allowing for an increased magnetic field magnitude within the RoI and decreased SAR outside of the RoI [22] , [23] .
B. Effect of HDC Materials on SNR
The MRI signal is affected by both the transmit RF magnetic fields and the receive magnetic fields, as shown in the following equations [24] :
where S is the signal, M t is the transverse magnetization, and B
− *
1 is the complex conjugate of the rotating RF magnetic field in receive mode, respectively. Whereas, B + 1 is the rotating RF magnetic field in transmit mode defined as (B x + jB y )/2 [9] , [24] . Therefore, an analysis of the effect of the HDC material on electromagnetic field needs to include B 
III. METHODS
A. Numerical Simulations
The computational model included high-pass (HP) birdcage body coils, driven either in quadrature or as dual TA, a receive array coil, a human female model (i.e., "Ella" from the Virtual Family [25] ), and a model of a gel phantom based on the ASTM standard test method [26] . Numerical simulations were performed at 64 MHz using the ASTM phantom to match the experimental testing, and at 128 MHz using the Ella model, respectively.
1) Computational Model of RF Coils:
Two different quadrature 16-rung HP birdcage body coils and one four-channel phased array receive coil were implemented. The body coils were used to evaluate variables affecting transmit mode performance, namely |B + 1 |, E , and SAR, whereas the phased array was used to evaluate the variables affecting receive performance, namely |B − 1 | and E . The first body coil model ("746 mm body coil" used at 64 MHz) was based on a simplification of the body coil used for experimental testing (MITS1.5, Zurich Med Tech, Zurich, Switzerland). The dimensions of the coil model were: coil internal diameter (ID) = 746 mm, inner length = 570 mm, outer length = 650 mm, RF shield ID = 827 mm, and RF shield length = 845 mm. Tuning capacitors of 73 pF were selected to obtain a resonance frequency of 64 MHz [28] .
The second body coil model ("610 mm body coil" used at 128 MHz) included 16 rungs disposed circularly around two rings. The coil dimensions were: coil ID = 610 mm, inner length = 570 mm, outer length (including end ring) = 620 mm [27] , RF shield ID = 660 mm and length = 1220 mm. Tuning capacitors of 16.3 pF were selected and placed in the end rings [see Fig. 1(a) ].
The four-channel phased receive array was modeled using four identical looped coils with ID = 144 mm, outer diameter = 156 mm with a 42 mm overlap each along the z-direction, total length along the z-direction = 498 mm, gap along the y-direction = 3 mm, and tuning capacitors = 4 pF each [see Fig. 1 (b) and (c)]. The transmit body coil was removed by the assumption of a complete detuned state when the four-channel phased array was used.
2) Computational Model of Body Coil Driving:
The "746 mm body coil" was modeled (at 64 MHz) for quadrature driving only, whereas the "610 mm body coil" was modeled (at 128 MHz) for quadrature drive and dual TA, to implement the most recent 3T body coils designs, used to improve image quality by optimizing amplitude and phase of the two input channels as a part of "RF shimming" [14] . The amplitude and phase of each channel were optimized to produce the most homogeneous transverse magnetization (M t ) within the human body model by minimizing the standard deviation of M t over the entire body [29] .
3) Computational Model of HDC Materials: A rectangular box-shaped ("pad") of HDC material was modeled with the following five different dimensions (length × width × height):
1) 500 × 100 × 20 mm 3 ; [30] . In addition to the HDC materials, a conductive gel (ε r = 15 and σ = 4 S/m, data provided by the vendor, Parker Laboratories LLC., NJ, USA) frequently used in ultrasound applications, was also implemented for comparison in both the numerical simulations and the measurements. Because the CTL-spine region was the RoI for this study, the HDC materials and conductive gel were placed along a plane parallel to the back of the Ella model (see Fig. 1 ). The 500 mm length was along the z-axis, while the 100-200 mm width was along the x-axis. The receive array was located between the pad and the posterior surface of the model.
4) Computational Model of the ASTM Phantom:
A model of the ASTM phantom ("phantom") was designed based on the ASTM standard test method [26] with length = 650 mm, width = 420 mm, and height = 90 mm. The volume inside the phantom was modeled as a medium with σ = 0.47 S/m and ε r = 80 [26] . The distance between the ASTM phantom and the HDC pad was 25 mm. 
5) Computational Model of a Human Female:
A human female model ("Ella" from the Virtual Family [25] ) was used for the study. The model included 37 anatomical structures, with a 3 mm isotropic resolution [see Fig. 1(a) and (b) ].The EM tissue properties were assigned based on literature [20] , [31] , and Width = 150, Height = 20, Length = 500 mm (common); data normalized to ||B x y || = 2 μT at the isocenter. [32]. The human model was positioned to have the center of the heart corresponding to the center of the body coil in Z-direction (i.e., heart landmark). The minimum and maximum distance between the human model and the HDC pad were 36 and 66 mm, respectively.
6) Numerical Implementation and Quantities of Interest:
All simulations were performed with commercially available software (xFDTD; Remcom, Inc.; State College, PA, USA) and analysis of the results was performed in MATLAB (The MathWorks, Inc., Natick, MA, USA).
The |B The numerical simulations and experimental results with the ASTM phantom were normalized to the magnitude of the transverse RF magnetic field B xy = 2 μT at the center of the phantom. This was done due to the limitation of the field mapping robot allowing measurements of only the magnitude of the magnetic field [9] . Conversely, the numerical results with the human model and the transmit coil only were normalized to |B + 1 | = 2 μT at the center of the spine, to match a 90 ο flip angle of RF rectangular pulse, with a 3 ms duration. Simulation results with the transmit coil and the four-channel receive phased array were normalized by the sum of square of each individual channel data having a same dissipated power of 100 W [6] .
B. Experiments
All measurements were performed using a 16-rung HP quadrature birdcage body coil (MITS1.5, Zurich Med Tech, Zurich, Switzerland). The body coil was driven in quadrature by two AN8102-08 RF power amplifiers (Analogic Co., Peabody, MA, USA) [28] . Measurements were performed with the coil loaded with an ASTM phantom, without and with an additional pad made of distilled water or conductive gel, positioned underneath the phantom [see Fig. 1(e) ]. The body coil was tuned at 63.5 MHz and the measurements of S-parameters were: S 11 = −10.3 dB, S 22 = −9.3 dB, and S 12 = −9.6 dB. The values of B xy and E were measured by means of a robotic measurement system (DASY system, DASY 5NEO, with the Efield probe ER3DV6 and the H-field probe H3DV7, Schmid & Partner Engineering AG, Zurich, Switzerland) [28] . The probes were not aligned perfectly in Fig. 1(e) because of the limited space in the body coil. However, the alignment of the angled probe was calculated and compensated during the calibration of the measurement.
IV. RESULTS
A. Validation Using ASTM Phantom
Figs. 2 and 3 show the measured and simulated maps of B xy and Δ||B xy (see Fig. 2 ), E and Δ||E (see Fig. 3 increased in the region above the pad, as shown by the difference maps of both simulation and measurements. Although the behavior for the conductive gel is more complex, there is qualitative agreement (<5% difference) between measured and simulated patterns. The maximum Δ||B xy was 6.4% (simulation) and 7.2% (experiment) with the distilled water, and 13.5% (simulation) and 11.7% (experiment) with the conductive gel. A more complex pattern was observed for E maps. There was a slight increase in E (Fig. 3 , fourth and fifth rows) in the region above the pad, but a decrease in regions away from the pad (−5%). The quantitative values are listed in Table I .
The maximum change in E was −9.5% (simulation) and −8.1% (experiment) with distilled water, and −12.2% (simulation) and −10.7% (experiment) with conductive gel.
B. Numerical Simulations With Human Body Model
The numerical simulations of Δ|B Simulations with the Ella model at 128 MHz showed that the values of |B + 1 | in the RoI increased compared to the case without pads; additionally, SAR 1g−peak , SAR 10g−peak , and SAR W B decreased. This effect was the strongest for BaTiO 3 powder, with the SAR W B decreasing from 2.11 to 1.61 W/kg (quadrature coil) and from 2.46 to 2.11 W/kg (dual-transmit coil). Fig. 4 shows Δ|B + 1 | and ΔSAR 10g maps found in the central planes for the Ella model at 128 MHz, with pads filled with either distilled water or conductive.
Additional quantitative data, with the inclusion of also the data obtained with the modeled BaTiO 3 beads, BaTiO 3 powder, and CaTiO 3 powder, are available in Table II . Results were normalized to |B + 1 | = 2 μT at the center of the spine. The results of the analysis with the inclusion of the fourchannel phased array at 128 MHz, showed an increase of Δ|B − 1 | within the RoI with the HDC pads, but a decrease when using conductive gel (see Fig. 5 ). Fig. 5 and Table III show 
V. DISCUSSION
In this study, we have extended the concept of EM field optimization using HDC materials in three important aspects: 1) modeling a highly used clinical application (CTL spine); 2) modeling the case of pads located outside of the receiveonly coil;
3) evaluating quadrature versus dual TA with and without the HDC materials at 128 MHz.
The clinical application of the human CTL-spine region currently represents 25% of all MRI procedures [16] . Previous studies evaluating the effect of HDC materials had focused on specific imaging applications for brain [7] - [9] , [17] , [18] , [22] and [23] , knee [23] , abdomen [12] , [14] , and [22] heart [13] or C-spine (rather than CTL spine) [6] . Additionally, our method, which uses the pad outside of the receive-only coil, does not constrain the spacing between the receive-only RF coil and the subject. Therefore, it has more flexibility in optimizing the geometry because of the additional space typically available outside of the coil. A direct comparison with the case having the HDC pad of BaTiO 3 beads located outside of the coil ("BaTiO 3 beads") versus between the coil and subject ("BaTiO 3 beads II") using the four-channel phased array was shown in Table III .
The systematic EM field comparison of HDC pad effect on quadrature driving versus dual TA at 128 MHz (see Table II) shows that overall SAR improvement is also present for both the quadrature and dual transmit.
Numerical simulations data at 64 MHz were compared with experimental measurements in terms of B xy , Δ||B xy (see Fig. 2 ), as well as E and Δ||E (see Fig. 3 ). Notably, the specific experimental setup and field mapping robotic system did not allow measurement of phase information, but only magnitude of the fields. Thus, the comparison, and the normalization of the data, was limited to B xy rather than the more clinically relevant |B + 1 |. The maximum Δ||B xy was 7.2% (distilled water) and 11.7% (conductive gel) in measurements, whereas 6.4% and 13.5% in numerical simulations, respectively (see Table I and Fig. 2 ). The distribution of the measured field (see Figs. 2 and 3 ) appears qualitatively similar to the simulation, with some differences likely due to the simplification of the numerical model, and uncertainty in experimental setup (e.g., uncertainty of DASY probes, feeding conditions, coil losses).
The simulations suggest that the effect of the HDC may be increased by using higher ε r and optimizing the geometry of the structure. As shown in Fig. 4 , when the HDC pads were added, the values of |B + 1 |, |B − 1 |, E, and SAR increased near the HDC pads, while mostly decreased in other areas, particularly in the peripheral region of the body (e.g., shoulder and wrist). Specifically, with the addition of the BaTiO 3 beads at 128 MHz, Δ|B + 1 | increased up to 61% (quadrature driving) and 63% (dual TA) within the RoI, whereas ΔSAR 10g decreased up to −983% (quadrature driving) and -479% (dual TA) outside of the RoI (see Table II ). This is likely due to a combination of wavelength effects and increased displacement current near the HDC pads and the wavelength effect (1 and 2) [10] , [22] , [23] .
The experimental setup was performed only with distilled water and conductive gel because the BaTiO 3 beads, BaTiO 3 powder, and CaTiO 3 powder (used in the simulations) [10] were not easily available in the desired form. With respect to the results with conductive gel, the values used in this study had relatively high σ (i.e., 4.0 S/m). This value was selected because of the advantage of reproducing a material which is widely available, as it is used in clinical ultrasound imaging. However, the high conductivity generated high conduction currents (1) and additional EM fields, with effects on Δ||B xy || (see Fig. 2 ), ΔE (see Fig. 3 ), and Δ|B − 1 | (see Fig. 5 ), suggesting that more careful selection of conductive gel may be needed for such applications.
When the width of the HDC material was 200 mm, the mean |B The results with the four-channel phased array showed that the mean |B − 1 | decreased with the conductive gel but increased with all the other HDC pads (see Table III and Fig. 5 ). The much higher conductivity of the gel compared to the HDC pads (4.0 S/m compared to values between 0.0048 and 0.72 S/m) generated much higher absorbed power within the pad when the gel was present with the same dissipated power, as also shown in Fig. 5 . Notably, the conductive gel was located very close to the four-channel phased array receive RF coil (i.e., at 9 mm distance), compared to the body coil transmit and receive (i.e., placed at 150 mm) (Figs. 2-4) .
In previous studies [6] and [10] , the "powder" and "beads" were prepared using deuterated water (D 2 O), binding agent, and polyvinyl alcohol. However, the additional formulation materials were not included in our numerical simulations for simplification.
The proposed method can be used for higher frequencies with a proper optimization, considering wavelength effect and modified electromagnetic properties of the HDC pads and the human model.
VI. CONCLUSION
The results of this study show that the use of HDC pads at 128 MHz for CTL-spine applications could result in improved magnetic fields within the RoI, while decreasing SAR outside the region. The improvements in EM fields suggest that the use of HDC pads could potentially improve the image quality in CTL-spine MRI without incurring a SAR penalty. The results presented here can provide useful information for high-field RF coil design and related patient safety considerations.
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